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A B S T R A C T
Flow imaging is an important method for quantiﬁcation in many medical imaging modalities, with
applications ranging from estimating wall shear rate to detecting angiogenesis. Modalities like
ultrasound and optical coherence tomography both offer ﬂow imaging capabilities, but suffer from low
contrast to red blood cells and are sensitive to clutter artefacts. Photoacoustic imaging (PAI) is a relatively
new ﬁeld, with a recent interest in ﬂow imaging. The recent enthusiasm for PA ﬂow imaging is due to its
intrinsic contrast to haemoglobin, which offers a new spin on existing methods of ﬂow imaging, and
some unique approaches in addition. This review article will delve into the research on photoacoustic
ﬂow imaging, explain the principles behind the many techniques and comment on their individual
advantages and disadvantages.
 2015 The Authors. Published by Elsevier GmbH. This is an open access article under the CC BY-NC-ND
license (http://creativecommons.org/licenses/by-nc-nd/4.0/).
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4.0/).1. Introduction
Blood ﬂow in arteries, veins and smaller capillaries is an important
aspect in the diagnosis of a wide range of pathologies and diseases.le under the CC BY-NC-ND license (http://creativecommons.org/licenses/by-nc-nd/
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imaging, and both provide distinct and valuable information. Flow
imaging is the process of mapping where functional vascularity is, or
what the ﬂow proﬁle is within an artery or vein. The latter can be used
for estimating, for example, the wall shear rate [1] or detecting where
turbulent blood ﬂow occurs [2,3]. Imaging vascularity is important to
reveal for example angiogenesis [4], the process during which rapid
growth of new vasculature occurs. The resulting vasculature,
irregularly and haphazardly shaped, is the pathological result of
for instance tumour growth [5] and inﬂammatory diseases such as
rheumatoid arthritis [6].
Perfusion imaging is related to ﬂow imaging, but provides a more
global picture of vascularity, that describes how much blood reaches
organs, muscles or skin over time [7]. The amount of skin perfusion
determines for instance the chance of a burn healing [8], and in
cerebral ischemia, malperfusion of parts of the brain leads potentially
to stroke [9]. The perfusion can be visualised as the integration of ﬂow
speed over the total cross sectional area of the feeding vasculature
[10]. Perfusion and the amount of ﬂow imaged are therefore closely
related in some clinical applications, however, computing the
perfusion from imaged vascularity is often challenging [11].
Photoacoustic imaging has the potential to do both: perfusion
imaging and ﬂow imaging. In this review we will only focus on the
latter. A wide variety of methods investigated by different research
groups, inspired by other imaging modalities, in addition to a few
approaches that utilise unique aspects of photoacoustic imaging,
make the review a worthwhile investigation. We will ﬁrst brieﬂy
discuss existing imaging modalities that are capable of both
perfusion imaging and ﬂow imaging before describing the different
photoacoustic approaches developed so far.
1.1. Current modalities
Magnetic resonance imaging (MRI) is a widely used modality for
imaging perfusion and ﬂow, using a range of methods [12,13]. For
instance, imaging ﬂow can be performed using phase contrast MRI
[14], while perfusion imaging can be done with arterial spin
labelling [15] or dynamic contrast enhanced imaging [16]. MRI can
provide blood ﬂow information of the whole body, with high
sensitivity and resolution [17], which makes it unique in that
aspect. Moreover, it can be combined with blood-oxygenation-level
dependent (BOLD) MRI [18]. However, MRI is very expensive in
both the initial investment and the upkeep, and the extensive
pulsing schemes in MRI also make imaging a slow process [19].
Dynamic contrast enhanced computed tomography (CT) is a
more affordable modality for perfusion imaging, unlike MRI. It can
also be combined with positron emission tomography (PET) for
quantiﬁcation of e.g. glucose consumption for estimation of the
complete metabolic activity [20]. Like MRI, CT is also capable of
imaging complete organs or even the whole body, but with worse
resolution and it relies on ionizing radiation, making it unpractical
for monitoring [19].
Ultrasound (US) imaging is another widely used technique for
both ﬂow and perfusion imaging. Over several decades, the
ultrasound community has developed many techniques. For
instance, ﬂow imaging can be performed using continuous wave
excitation in spectral Doppler US [21], by imaging phase change of
reﬂected US pulses in colour ﬂow imaging [22] or by transverse
speckle tracking [23]. Perfusion imaging is performed using
dynamic contrast enhanced US, for example by using a ﬂash-
replenishment technique [24]. US imaging is very scalable through
the inverse relationship of penetration depth and resolution, which
can be tuned using the ultrasound emission frequency and
bandwidth [25]. Furthermore, US imaging is both affordable and
portable [26]. While imaging depth is larger than optical coherence
tomography, the resolution is poorer and it suffers from clutter [27].Several modalities are being developed to estimate ﬂow and
perfusion using visible or infrared light, which makes these
techniques both harmless and affordable. For example, laser
Doppler perfusion imaging (LDPI) and laser speckle imaging (LSI)
are two modalities based on tracking diffusely reﬂected light over
time and can be used for perfusion imaging of the skin [28], with
the advantages of portability, low cost and real-time imaging
[29,30]. On the other hand, LDPI and LSI are limited to superﬁcial
imaging and low resolution [28] and do not feature depth
resolution. While LDPI has the objective underlying principle of
velocity related Doppler shifts, quantifying perfusion in an
absolute manner remains challenging in both LDPI and LSI because
of the unknown optical properties of the tissue [31]. Another
optical technique, orthogonal polarization spectral imaging (OPS),
can be used for high-resolution imaging of micro-vasculature
[32]. Resolution is high and penetration depth is fair, but ﬂow
quantiﬁcation is very challenging.
Optical coherence tomography (OCT) is an optical technique
which can be used for ﬂow imaging as a function of depth
[33]. Flow can be quantiﬁed, for instance, by tracking the phase
change of the reﬂected light over time, or by computing the speckle
variance [34]. OCT has high resolution, is depth resolved and can be
portable, but suffers from limited penetration depth and is
hindered by clutter [35].
In this regard PAI is comparable to ﬂuorescence microscopy
approaches like confocal microscopy [36] or the two-photon
variant [37]. In both microscopy techniques ﬂow imaging is
performed by laser scanning along the ﬂow direction. However,
confocal and two-photon require ﬂuorescent markers that are
susceptible to photobleaching; are only useable in superﬁcial
applications; and the laser scanning makes it only suitable for
imaging a few blood vessels at a time [38]. As we will see,
photoacoustics can be used to overcome these problems in ﬂow
imaging. Photoacoustic ﬂow imaging, uses endogenous contrast,
and allows approaches not limited to speciﬁc targeting of blood
vessels.
1.2. The case for PA ﬂow imaging
Photoacoustic imaging (PAI) is an optical modality that relies on
light pulses to generate ultrasound at locations of high optical
absorption [39]. Nanosecond light pulses are directed onto the
skin, where they diffuse through tissue, down to several
centimetres for near-infrared light. The light is locally absorbed
by tissue chromophores, and is converted into heat, causing a
pressure build-up. This build-up is released in the form of pressure
waves: sound waves very similar to those emitted in pulse-echo
ultrasound.
The main tissue chromophores in the visible and near infrared
wavelengths (NIR) are haemoglobin and melanin (<1000 nm); at
NIR wavelengths (>930 nm) lipids also exhibit absorption peaks
that can be utilized [40]. PAI can therefore be used spectroscopi-
cally and, using spectral unmixing, the relative concentrations of
chromophores can be extracted [41]. In this way, the oxygenation
of blood vessels can be determined by exploiting the oxygenation-
dependent absorption spectrum of haemoglobin [42,43].
Like ultrasound imaging, PAI is relatively low cost, can be used
in portable devices [44], and the resolution can be increased
relatively easily though at the cost of imaging depth. PAI is used in
microscopy, tomography and linear array systems, with varying
resolutions and imaging depths [45]. An important distinction in
systems can be made, namely between acoustic and optical
resolution setups. In optical resolution mode, laser light is focussed
onto a sample; in acoustic resolution mode, generated sound
waves are focussed in detection with a large numerical aperture–
either physically or in computed reconstruction. The focal size
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a higher resolution, but at the cost of penetration depth: optical
scattering will broaden the optical focus considerably. It should be
noted that in both cases the axial resolution–along the ultrasound
transducer axis–remains governed by the acoustic bandwidth of
the transducer.
The promise of using photoacoustics for imaging ﬂow is due to
its reliance on absorption for contrast, as opposed to back-
scattered waves in US and OCT. Moreover, because of the
relatively low concentration of haemoglobin and other chromo-
phores in tissue, there is a high contrast in PAI between
vasculature and the surrounding tissue [46]. In addition, PAI–
unlike ultrasound–is relatively speckle free [47,48]. The lack of
these two properties is the main reason it is challenging to detect
ﬂow in small blood vessels and near vessel walls with OCT and US
ﬂow imaging [49–51].
In the following review, we present a summary of the
research performed on photoacoustic ﬂow imaging. We
describe the similarities between some ﬂow imaging methods
using PA with other modalities, and conclude with the key
advantages and unique features of PA ﬂow imaging. The review
is partly written as a tutorial on the various ﬂow imaging
techniques, but it will also go into detail on performance
characteristics like the minimum and maximum measureable
velocities.
2. Photoacoustic ﬂow imaging methods
2.1. Doppler shift
2.1.1. Continuous-wave photoacoustic Doppler
Fang et al. proposed a technique where the Doppler shift of a PA
modulation was estimated [52], similar to what is done with
spectral Doppler US. The authors used a diode laser that was
intensity modulated with a frequency f 0:
I tð Þ ¼ I0
2
1 þ cos 2p f 0tð Þ½ 
with t the time within one acquisition, I0 and I tð Þ the maximum
and time-variant light intensity respectively. A modulated laser
will generate a PA response that is also oscillating with frequency
f 0 (see Fig. 1). If excited red blood cells (RBCs) are ﬂowing at v flow,
then the particles will emit a PA response that is Doppler shifted
approximated by:
D f ¼ f 0
v flow
vs
cos uFig. 1. In continuous-wave photoacoustic Doppler, sinusoidal modulation of the
excitation light source causes a photoacoustic response, which is Doppler shifted if
absorbing particles or cells are ﬂowing.with u the angle between the ﬂow direction and the detector’s
viewing line, and vs the speed of sound. They implemented the
technique on an acoustic resolution setup with a 2.5 MHz
focussed mono-element transducer and a lock-in ampliﬁer for
detection; the modulation was matched to this frequency. Fang
et al. measured a distribution of Doppler shifts–not a single value–
due to spectral broadening, caused by the opening angle of the
ultrasonic transducer and the presence of a distribution of
velocities in the tubing.
The authors demonstrated the technique on ﬂowing carbon
particles, which served as a model for RBCs. In their ﬁrst paper they
measured velocities of ﬂowing carbon particles through tubing,
which ranged from 0.055 to 8.8 mm/s. With their technique, the
minimum measureable velocity was fundamentally limited by the
frequency resolution (=1/acquisition time) of the system, whereas
the maximum measureable velocity was limited by the system’s
SNR: for greater ﬂow velocities the distribution of Doppler shifts
broadened, and therefore the amplitude decreased.
In a second study they used a more realistic phantom where
they included also scattering (m
0
s ¼ 0:4=cm, path length 3 cm) and
increased the density of carbon particles from 15% to 40% (v/v)
[53]. The maximum measureable velocity dropped to 1 mm/s due
to the scattering, which reduced the SNR; but measurements
seemed unaffected by the increased particle concentration. The
authors indicated blood measurements were successful, but only
in water, without any scattering.
Sheinfeld et al. followed up on this work and improved the axial
resolution using short bursts of modulated light [54,55]. They used
rectangular bursts with intensity
I tð Þ ¼ I0
2
1 þ cos 2p f 0tð Þ½ 
XN
n¼1
rect
t  nTre p
Ton
 
where Tre p and Ton are the repetition interval and cycle length
respectively, of burst number n.
They used an acoustic resolution setup with a 1 MHz transducer
to detect the Doppler shift from the PA responses of ﬂowing carbon
particles (in their case in a 10% (v/v) suspension). They applied a
time gate to the time traces and estimated the Doppler shift in a
3 ms window for a range of positions. The size of time gate
determined the axial resolution, which therefore was 4.5 mm.
Their 1 s acquisition length was long enough to detect multiple
bursts, so the time gate was repeated every Trep ¼ 70 ms to increase
the spectral resolution.
The authors measured velocities from 3.5 to 203 mm/s; in their
case the maximum speed was limited by the syringe pump, the
minimum–as before–by the spectral resolution.
For both Sheinfeld et al. and Fang et al., the lateral resolution
was determined by the ultrasound transducer’s beam width.
Speculating on the maximum penetration depth; it is expected to
be fairly limited. In fact, Fang et al., found imaging through
scattering (m
0
s ¼ 0:4=cm with a 3 cm path length) challenging in
spite of using highly absorbing carbon particles and much lower
optical scattering than in tissue (m
0
s  8=cm). For an overview of
the technique’s key attributes, see Table 1 at the end of the review
article. In this table, the ﬂow imaging techniques yet to be
discussed will be listed also.
2.1.2. Structured-illumination photoacoustic Doppler
Zhang et al. implemented photoacoustic modulation in the
spatial domain instead of time domain by creating illumination
fringes with a nanosecond pulsed laser [56]. The modulation
frequency corresponds to f 0 ¼ vs=d, with a fringe pitch of d;
and the Doppler shift of the PA modulation as before:
D f ¼ f 0
v flow
vs
cos u
Table 1
Summary of the attributes of photoacoustic ﬂow imaging techniques. * indicates alternative resolution (acoustic/optical) might be usable, but has not been demonstrated yet.
Method Calibration required? Meas. quantity Flow axis Resolution limit
Lateral Axial
Doppler shift
Continuous-wave (Sec. 2.1.1) Fourier transform No Velocity spectrum Axial Acoustic* #Cycles
Structured-illumination (Sec. 2.1.2) No Either #Fringes Acoustic
Density tracking
Time-domain (Sec. 2.2.1) Cross correlation No Velocity Axial Acoustic or optical Acoustic
Spatial domain (Sec. 2.2.2) No Lateral Distance between foci Acoustic
Transit time
Single-particles (Sec. 2.3.1) FWHM Yes Speed Lateral Optical* Acoustic
Particle ensembles (Sec. 2.3.2) Autocorrelation or bandwidth Yes Velocity Lateral Optical* Acoustic
Amplitude encoding
Contrast based (Sec. 2.4.1) Contrast inﬂow Yes Speed Any Acoustic* Acoustic
Heat encoding (Sec. 2.4.2) Heated spot No Velocity Any Heating spot Acoustic
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as can be seen in Fig. 2–the Doppler angle was u ¼ 0.
They estimated not only the Doppler shift, but also related
quantities, namely the phase shift, the change in arrival time and
time compression of the photoacoustic response. In their experi-
ments they used an ink solution with ﬂow speeds from 20 mm/s to
1400 mm/s. When the authors added optical scattering
(m
0
s ¼ 6:2=cm) they measured up to 600 mm/s. Zhang et al.
found the time compression to give the best accuracy compared to
the Doppler shift (Root-mean-square error, RMSE of 57 mm/s
instead of 89 mm/s), especially with optical scattering
(RMSE = 66 mm/s instead of 120 mm/s). Note that time compres-
sion is inversely related to bandwidth broadening: it seems likely
that their ﬂow setup shows a wide distribution of ﬂow speeds, and
therefore high amount of broadening.
The minimum and maximum measureable velocities were
determined, as before, by the frequency resolution and the SNR
respectively. The authors achieved a much higher SNR by using a
pulsed laser–compared to CW modulation–which explains the
high maximum measureable velocity.
Optical scattering decreases the modulation depth and
therefore decreases the SNR of the Doppler shift. This makes
spatial modulation more suited for ﬂow estimation with superﬁ-
cial applications like photoacoustic microscopy. The lateral
resolution would then be determined by the length of the fringe
pattern; the resolution in depth would be very limited because the
ultrasound transducer is used to determine ﬂow component along
the transducer time-axis.
Yao et al. presented a method using a microscopy setup
with spatial light modulation to estimate the transverse ﬂow
component–which is perpendicular to the transducer’s symmetryFig. 2. Using spatial laser modulation in structured-illumination photoacoustic
Doppler causes a modulation of the PA response similarly to the time-domain
version, and the modulation is likewise Doppler shifted under ﬂow.axis–instead of the axial component [57]. Modulation was
performed using a laser fringe pattern:
I xð Þ / 1 þ a cos 2px
d
 
with a the modulation depth and x the transverse axis. They
recorded p nTre p
 
, the maximum of each photoacoustic response
sampled at each excitation pulse n, also called the ‘slow-time
response’. It is termed such to distinguish it from the fast-time
response that is the result of an individual laser pulse, of which
Zhang et al computed the Doppler shift. Yao et al.’s fast-time
response was a representation of the particle density distribution that
ﬂowed through the fringe pattern, and the amplitude of any
photoacoustic response was proportional to the number of particles
within one fringe. This density distribution ‘ﬁnger print’ is determin-
istic and changes slowly over time. As the particle distribution
ﬂowed from fringe to fringe, an amplitude modulation was created
in the slow-time response (see Fig. 3), which could be observed as
side bands at 2pvx=d. They assumed the particles to have no
correlation length and therefore a ﬂat spatial frequency spectrum.
Yao et al. ﬁrst demonstrated the method by ﬂowing bovine
blood through tubing and for various (< 10 mm) particle sizes with
ﬂow speeds ranging from 5 to 20 mm/s. The authors also showed
the radial ﬂow proﬁle of the ﬂow in the tubing. They also
demonstrated their method in the superﬁcial vasculature of a
mouse ear, where they measured a ﬂow speed of approximately
1.9 mm/s.
The theoretical minimum measureable speed in the system was
0.01 mm/s, limited by the total acquisition time of 1 s. Their
maximum measureable speed was 25 mm/s, limited in their case
by the combination of fringe spacing and laser pulse repetition
frequency (PRF), since the density distribution requires adequateFig. 3. In the transverse structured-illumination method, the PA response as the
cells or particles move through the fringes gets modulated with a frequency based
on their ﬂow speed.
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the acoustic focus, about 71 mm and the axial resolution at
15 mm by the bandwidth of the ultrasound transducer.
Note that both spatial-modulation techniques only measure
one lateral ﬂow component at a time, and that no directionality is
included; the latter might be possible by scanning the system back
and forth. Also, a second scan could be made to determine the other
lateral ﬂow component.
2.2. Density tracking
2.2.1. Cross-correlation ﬂow imaging in the time domain
Brunker and Beard used two pulsed lasers to excite particles
with a small time delay in between, such that the time-of-ﬂight
could be extracted [58]. They use the fact that the density
distribution of particles or RBCs can also be sampled along the
transducer axis (the ‘fast-time response’). If the transducer is
aligned along the particle ﬂow then the distribution will move
toward or away from the transducer–depending on the ﬂow
direction (see Fig. 4). This also holds when the transducer is aligned
at an angle uð 6¼ 90Þ to the ﬂow: the particles within the
measurement volume will shift along the detection-time axis.
During the two laser pulses the density distribution shifted along
the detection time by Dt in the fast-time response. This time shift
could be estimated using a cross-correlation, and the axial velocity
could then be estimated with:
vaxial ¼
vsDt
T pcos uð Þ
with T p the time between the two laser pulses. The method is
similar to how ultrasonic colour ﬂow imaging works (CFI, also
termed ‘Colour Doppler’), where the back scattering amplitude of
ultrasound is linked to the particle density. In CFI the ﬂow
estimation is often performed with a two-dimensional autocorre-
lation, since the imaging is at a constant PRF (the reader is referred
to [22] for more information).
Brunker and Beard demonstrated the method on a rotating
Perspex disk with an acetate sheet imprinted with a random dotted
pattern. The rotation of these dots would simulate the ﬂow of red
blood cells. The authors initially used two individually triggered
10 Hz pulsed lasers to interrogate the random dotted pattern on
the rotating disk. They measured velocities up to 1 m/s, with a
systematic error of 1-3% and a random error of 0.02-0.05 m/s.
Brunker et al. later used a double-pulse laser, which provided
2 pulses per 10 Hz, and applied the method successfully to ﬂowing
particles and whole blood [59]. Here, they used time gating on the
sampled density distribution to estimate the maximum velocity in
the tubing. With whole blood the maximum measureable velocity
was 20 mm/s and the random error 5 mm/s.Fig. 4. In time-domain cross-correlation ﬂow imaging, the cells’ or particles’ density
distribution is interrogated with two consecutive laser pulses. The PA response of
these two pulses is shifted in time due to ﬂow.The minimum measureable velocity was limited by the
precision of the time shift estimation. While this estimation can
be performed sub-sample–interpolating or ﬁtting the cross-
correlation with a Gaussian function–it is fundamentally limited
by the SNR. In addition, the degree of correlation between two
subsequent PA responses and the transducer bandwidth also affect
the precision. The fundamental lowest possible random error in
delay estimation is described in ultrasound colour ﬂow imaging by
the Cramer Rao lower bound [60]:
sDt 
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
3
2 f 30p
2T B3 þ 12B
  1
r2
1 þ 1
SNR2
 2
 1
  !vuuut
with T the window length of the time gate, r the correlation
coefﬁcient of the two photoacoustic responses, f 0 the centre
frequency and B the fractional bandwidth.
The maximum measureable velocity in their rotating disk
experiments was limited by the size of the transducer focus and T p,
because the dots had to be in the detection area for both laser
pulses. On blood, their measurements at higher ﬂow velocities
were limited by decorrelation of the density distribution between
the two laser pulses. In theory also aliasing might play a role, but
this was not observed with the rotating disk, and it is expected at
higher velocities than the authors could measure with blood. The
axial resolution was determined by the size of the time gate; the
lateral resolution by the size of the transducer focus.
Their setup would be limited in penetration depth to < 1 mm
due to the use of 532 nm excitation (limited light penetration in
tissue and blood), and the use of a 30 MHz transducer (high
ultrasound attenuation in tissue). Nevertheless, there is no
fundamental reason which prevents the technique from being
used in a tomography or linear array system. This would also
enable the estimation of the angle u, which in its current form
would require scanning the mono-element transducer.
Yao et al. implemented a similar method using an optical
resolution photoacoustic microscope (OR-PAM) [61]. Instead of
computing the cross-correlation of two consecutive photoacoustic
time traces, they estimated the phase shift Df to determine the
axial ﬂow velocity:
vaxial ¼
1
2p
vsDf
f 0
They validated the technique on blood ﬂow in tubing, where
they could measure ﬂow velocities from 0.1 mm/s to 8 mm/s. Their
theoretical maximum measureable velocity was 20 mm/s, limited
by the width of their optical focus.
They combined the axial velocity estimation with a transverse
method based on bandwidth broadening (see section 2.3.2). In this
way they could estimate the total ﬂow velocity and determine the
Doppler angle; then scanning the optical focus allowed them to
perform ﬂow mapping as shown in Fig. 5.
Song et al. applied this method with a laser scanning
photoacoustic microscope (LS-PAM) [62]. In LS-PAM, an unfo-
cussed ultrasound transducer is kept static, while the optical focus
is scanned within the ﬁeld of view of the transducer. From a scan
line along tubing they used the depth information to estimate the
ﬂow angle u.
2.2.2. Cross-correlation ﬂow imaging in the spatial domain
Liang et al. implemented cross-correlation ﬂow imaging in the
spatial-domain by projecting an image of a digital micro-mirror
device (DMD) onto a sample using an objective [63]. The DMD was
programmed to provide photoacoustic excitation at two locations,
a certain distance d apart. By switching the DMD pattern, the
Fig. 5. In-vivo example of ﬂow mapping using a scanned photoacoustic microscope.
Adapted with permission from [61]. Copyright (2012) by Sage Publications.
Fig. 6. Principle behind spatial-domain cross-correlation ﬂow imaging [63,64]. The
density distribution is interrogated at two locations over with alternating laser
pulses. The time-shift between the two slow-time responses is determined by the
ﬂow velocity.
Fig. 7. Transit-time ﬂow imaging principle for single particles [67,68]: the time
during which a cell or a particle is visible is determined by the speed at which it
transits the optical focus.
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density distributions at either location separately (see Fig. 6). The
time-shift DT between the two slow-time responses over
successive laser pulses could be used to estimate the transverse
ﬂow velocity:
vtrans ¼ dDTsin uð Þ
They demonstrated the technique using various particle sizes
(5, 10, 15 mm) and they showed the ﬂow measuring performance is
fairly independent of these particle sizes. Measureable ﬂow
velocities were from 1.13 to 13.20 mm/s when 300 mm of chicken
breast was placed on top of the tubing. The systematic error in their
latter experiments was 0.29 mm/s and their random error
0.19 mm/s. The same group demonstrated the technique with
blood-ﬂow in a different publication [64]. They showed measure-
able velocities of bovine blood ﬂowing through tubing from
0.45 mm/s to 18 mm/s. Several examples of ﬂow estimation in-vivo
with mouse ear vasculature were also shown.
In theory the maximum measureable velocity was limited
through vmaxj j ¼ d=Tre p, but this limit was not reached. It seems
likely that their measurements were limited by decorrelation of
the density distribution, comparable to what Brunker et al.
observed. As was the case with other methods, the minimum
measureable velocity was limited by the accuracy of the errors in
estimating the time-shift DT. Implemented as a ‘point’ evaluation,
the measurements did not take long (100 ms), but when scanned in
2D the technique would perhaps be on the slow side.
The axial resolution was limited as before by the transducer
bandwidth; the lateral resolution along the ﬂow direction was
determined by the distance between the excitation spots; the
lateral resolution across the ﬂow direction was determined by the
spot size.
Wang et al. developed a related technique [65]. They used PA
microscopy with repeating line scanning along a vessel in a mouse
ear to image individual RBCs in the vessel. By repeatedly scanningthe vessel they could image the movement of these cells over time
and could use this to quantify the ﬂow velocity. They combined the
ﬂow velocity with the oxygenation to model the rate of oxygen
release. The technique was also used by Yao et al. to determine the
effect of sensory input on blood ﬂow in mouse brains [66].
2.3. Transit time
2.3.1. Transit-time ﬂow imaging of single-particles
Fang and Wang used a PAM, but in optical resolution mode to
estimate the transit time of particles ﬂowing through the optical
focus [67]. This transit time, when combined with the size of the
focus provided an estimation for the lateral ﬂow velocity as can be
seen in Fig. 7. Since the slow-time response as the particle transits
the focus was a convolution of the optical intensity proﬁle and the
particle size, it needed compensation for the size of the particles.
They approximated the response by a Gaussian function with a
waist equal to the sum of the focal and particle sizes, and ﬁtted the
measured data using this approximation.
They showed a parabolic ﬂow proﬁle of particles ﬂowing in
tubing, and measured speeds ranging from 0.35 mm/s to 1 mm/
s. Note that only the magnitude of the ﬂow could be determined,
not its directionality in the lateral plane. The minimum and
maximum measureable ﬂow speeds were not investigated by the
authors, but the maximum was likely determined by the optical
focus size and the PRF: the particle must be in the focus during at
least 3 laser pulses. The minimum was likely limited by the length
of the total acquisition. The axial resolution was, as before, mainly
determined by the transducer bandwidth, whereas the lateral
resolution was determined simply by the optical focus.
Sarimallaoglu et al. applied the technique to estimate the ﬂow
speed of melanoma cells injected into mice [68]. They also used it
in-vitro to determine whether gold nanorods (GNRs) were bound to
breast cancer cells. They noticed a slower speed when GNRs were
bound, arguing that unbound GNRs would ﬂow in the centre of the
tubing and these heavier cells would not. Besides investigating this
transit time technique, Sarimallaoglu et al. also used a method
similar to those in section 2.2.2, instead using three beams to
record the time it takes melanoma cells to ﬂow between these
beams.
The method employed by both authors is limited to the
detection of single particles or single cells: in an application on
whole blood it is likely difﬁcult to distinguish individual RBCs.
Nevertheless, it might ﬁnd an application in the detection of single
contrast particles or circulating tumour cells in whole blood.
2.3.2. Transit-time ﬂow imaging of particle ensembles
Yao & Wang and Chen et al. proposed a solution to make the
single-particle method to more suitable for use on whole blood
[69–72]. What holds for single particles also holds for a density
Fig. 8. Transit-time principle for particle ensembles [69–72]. As cells transit the
focus with a greater speed, features of the density distribution will show up with
sharper peaks.
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distribution moves through the optical focus, the sharper its
features (the ‘peaks’) become (see Fig. 8). While it is ineffective to
ﬁt every single peak with a Gaussian function, it is relatively easy to
compute either the autocorrelation or the bandwidth of the total
photoacoustic acquisition: both determine the average peak width.
For faster ﬂow the autocorrelation coefﬁcient becomes smaller,
whereas the bandwidth increases, since the bandwidth is a Fourier
transform pair with the autocorrelation function.
Starting with Yao and Wang, they used the slow-time
bandwidth broadening for transverse ﬂow velocity imaging
[72]. As particles ﬂow quicker through the focus, the transit time
becomes shorter and the bandwidth, which is its inverse, broadens
by:
Bd  f 0
vtrans
vs
w
R
sin uð Þ
where w is the optical focus width, R the focal length and f 0 the
centre frequency of the US transducer. The authors found their
inspiration for this technique in OCT [73]. Yao and Wang applied
the technique using an optical resolution PAM. They scanned
the PAM back and forth, causing a change in broadening: an
increase when moving against the ﬂow and vice-versa. They
used this change to determine the ﬂow velocity via
vtrans ¼
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
v2tþ þ v2t  2v2m
q
, where vtþ and vt are speeds measured
in both directions while scanning, and vm is the motor speed. This
scanning approach can be viewed as a combination of laser
scanning confocal [36] and OCT [73].
They demonstrated the technique using particles (1 6 mm)
ﬂowing through tubing, with measureable ﬂow velocities from
0.1 mm/s up to 2.5 mm/s. They also mapped the parabolic ﬂow
proﬁle in the tubing. Yao et al., in a different article, subsequently
applied the technique on blood-ﬂow in-vitro and in-vivo [71]. In-
vitro, they showed measureable ﬂow velocities up to 5 mm/s, and
used this to calibrate their in-vivo measurements. They ﬁnally
applied their method to blood ﬂow on vasculature in a chickenFig. 9. In-vivo example of ﬂow mapping of the speed (a) and where the directionality is inembryo (see Fig. 9), and were able to measure the ﬂow-speed
variations caused by the heart beating.
The theoretical maximum measureable ﬂow velocity of this
technique was limited by the optical focus and the PRF of the laser
illumination, at about 7.4 mm/s. The minimum, indicated to be
about 0.1 mm/s, was limited by SNR, and presumably acquisition
time.
Chen et al. used the autocorrelation G tð Þ ¼ dP tð ÞdP t þ tð Þ=P tð Þ2
to estimate the ﬂow speed [69]. The autocorrelation function,
when assuming a Gaussian optical focus, could be approximated
by:
G tð Þ
G 0ð Þ ¼ exp 
t
t0
 2  !
with t0 ¼ w=vtrans. Instead of scanning the system, they limited
themselves to estimating ﬂow at a few locations, and therefore
were not able to determine the ﬂow direction. They demonstrated
the method in their ﬁrst article [69] using particles ﬂowing at
speeds from 14 mm/s to 200 mm/s. In their second article [70] they
applied the method on chicken embryo vasculature, measuring
ﬂow speeds at individual locations 56-77 mm/s–based on an in-
vitro calibration using particles.
Ning et al. used the autocorrelation approach to investigate
blood ﬂow in the ear of a nude mouse [74]. Using the diameter from
the PA image, they were able to determine the volumetric ﬂow rate
of the vasculature, and the inﬂow and outﬂow at bifurcations. They
calibrated their ﬂow estimation and veriﬁed the computation of
the volumetric ﬂow rate both in-vitro.
Although not investigated by the authors of either approach,
universal quantiﬁcation of ﬂow speed or velocity will remain
difﬁcult. The reason: quantiﬁcation relies on knowledge of the
optical focus and presumably also cell sizes. Although both can be
either measured independently or otherwise calibrated for, the
optical focus may increase through scattering, and RBCs can form
clusters at small ﬂow speeds.
Tay et al. proposed a technique to reduce the effect that optical
scattering has on the optical focus [75]. They implemented
wavefront shaping using the photoacoustic amplitude as a
feedback mechanism. Wavefront shaping can be used to compen-
sate for scattering by iteratively guessing the very complex phase-
and-amplitude transformations that the input beam experiences.
The ‘goodness’ of the guesswork was observed here using the
photoacoustic amplitude, which therefore served as the feedback.
This resulted in a bright optical spot at the location of the
ultrasound focus. Tay et al. implemented the iterative process with
a DMD projecting a series of Hadamard patterns on the sample. The
optimal pattern could be found by multiplying the photoacoustic
response of the m-th Hadamard pattern (vector Im) by the inverse
Hadamard matrix.
In this way, Tay et al. could measure the ﬂow speed of particles
behind a ground diffusor from 0.4 mm/s up to 2 mm/s. The
random error of their measurements was–at 0.5 mm/s–quite
high, which they attributed to particle size variations. The axial andcluded (b). Adapted with permission from [71]. Copyright (2010) by OSA Publishing.
Fig. 11. Flow measurement based on photoconversion using an a ﬂash/
replenishment approach [77]. A single intense laser pulse converts most of the
nanorods, after which low intensity pulses are used to observe the rods’
replenishment.
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transducer.
The optimization of the DMD pattern took 2 hours, making their
setup unsuitable for tissue imaging as the authors note. To speed
up the process, a faster DMD and laser would be required to beat
the tissue dynamics, which are on a millisecond-timescale. A
current limitation to their method is the inability to use wavefront
shaping to focus on a spot inside and not behind a scattering
medium. In theory the autocorrelation/bandwidth broadening
technique likely also works based on just the acoustic focus,
assuming the width and numerical aperture of the US transducer
provide sufﬁcient SNR without the optical focus.
2.4. Amplitude encoding
2.4.1. Photoconversion and replenishment
Li et al. estimated ﬂow using a shape transition of gold nanorods
[76]. Exciting the rods at their peak-absorption wavelength
converts them to nanospheres, which have a different peak-
absorption wavelength. Therefore, pulsing light on a volume of
nanorods effectively photo-destroys the rods. After a light pulse,
new nanorods will ﬂow into the volume; a recovery that is related
to the ﬂow speed (see Fig. 10). Over time, repeated pulsing will
bring the photoacoustic amplitude P kð Þ down to a constant level
Pconst . The drop in amplitude could be approximated by:
P kð Þ ¼ Pconst þ 1 þ Pconstð Þrkexp u k
PRF
 
;
Pconst ¼ 1  exp u=PRFð Þ
1  r exp u=PRFð Þ
with k the k-th laser pulse, u a parameter proportional to the ﬂow
speed, and r a constant related to the laser power.
They estimated the ﬂow speed of a suspension of gold nanorods
ﬂowing through tubing. They measured speeds from 0.35 mm/s up
to 2.83 mm/s with a systematic error of 0.2 mm/s and random
error of 30% the measured speed.
Wei et al. proposed an alternate method [77], using one initial
high-energy laser pulse to convert a large fraction of the nanorods,
and subsequently using lower-energy laser pulses to track the in-
ﬂow of new nanorods, as can also be seen in Fig. 11. The recovery of
the photoacoustic amplitude could then be approximated by:
P tð Þ ¼ 1  c exp lv flowt
 
;
with c and l constants. This method is very similar to the
ultrasound contrast ﬂash-replenishment type methods, where a
high-intensity burst of ultrasound is used to destruct micro-
bubbles.Fig. 10. In the photoconversion and replenishment technique with constant energy
[76], at every laser pulse, a fraction of the gold nanorods is converted into spheres.
After every laser pulse, the rods replenish partly, until an equilibrium forms.The authors measured ﬂow speeds of a GNR solution from
0.35 to 2.83 mm/s as before. They compared the photoacoustic
ﬂash-replenishment method with the constant-energy method
from Li et al., but found the constant-energy method to provide the
better performance. A reason for this might be, the authors write,
their limited measurement time that made the measurements
inaccurate.
Liao et al. implemented the constant-energy method with a
linear array, providing B-mode ﬂow imaging [78]. They also tested
the performance under 5 mm of chicken breast, and could measure
ﬂow speeds from 0.125 to 2 mm/s with an average error of 30%.
However, they had to recalibrate their measurements because the
beam width had changed due to optical scattering. The axial and
lateral resolutions were determined by the ROI selection in the B-
mode image of the tubing, 0.6 mm and 1.2 mm respectively. The
theoretical lower limits of these resolutions were determined by
the point spread function of the system. The time resolution was
determined by the total measurement time, 5-20 s depending on
the settings.
Although not investigated by the authors, the maximum
measureable speed–when there is only a relatively small drop
in PA amplitude–was likely determined by the laser ﬂuence at the
GNRs and the measurement time. A larger ﬂuence would cause a
larger drop in amplitude and a longer measurement time would
provide a more accurate determination of Pconst . The minimum
measureable speed likely depended on whether slow ﬂow could be
distinguished from no ﬂow, which would be mainly determined by
the SNR. Note that the authors did not mix the GNRs with blood,
which might deteriorate the contrast further.
2.4.2. Heat encoding and convection
Sheinfeld and Eyal proposed the use of photothermal modula-
tion for amplitude encoding [79]. They used two sine modulated
laser diodes of different frequency to create an amplitude
modulated photoacoustic signal: the heating of the medium
increases its Grueneisen parameter and causes the photoacoustic
response to increase (see Fig. 12). Modulating the heating process
caused an amplitude modulation of the photoacoustic signal, of
which the modulation frequency response was given by:
P vPTð Þ /
te f f
1 þ jvPT te f f
with vPT ¼ 2p f PT the photothermal modulation frequency and
te f f ¼ t1conduction þ t1convection
 1
a combination of time constants of
conduction and ﬂow-dependent convection. Sheinfeld and Eyal
used a constant 0.5 MHz photoacoustic modulation and varied the
PT modulation vPT from 0.1 Hz to 20 Hz. They ﬁtted the observed
P vPTð Þ with the above function to determine te f f . The authors
Fig. 12. Flow measurement using photothermal modulation [79]. A low-frequency
heating laser modulates the Gueneisen coefﬁcient, which can be observed using a
modulated PA laser.
Fig. 13. Flow measurement based on convection of an US-generated temperature
increase [81]. High-frequency focussed ultrasound is emitted in bursts to heat a part
of the ﬂowing medium. The ﬂow of this spot can be tracked using a photoacoustic
tomography system.
Fig. 14. Example of in-vitro heat encoding. Adapted with permission from
[81]. Copyright (2013) by The American Physical Society.
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response for zero ﬂow, but found the contribution to be relatively
small. They calibrated the relationship between te f f and the ﬂow
speed.
The authors applied the PT modulation on sheep blood ﬂowing
through tubing, heating the blood less than 2 8C. They measured
ﬂows in a range of 1 to 21 mm/s. Their maximum error was 0.3 mm/
s, which, when ignoring the contribution of conduction increased
slightly to 0.75 mm/s. Although the authors did not investigate the
speed limits, the minimum measureable speed was likely deter-
mined simply by whether ﬂow and no ﬂow can be distinguished,
which might be dependent on whether the conduction can be
modelled accurately. The maximum measureable speed was
probably linked to the maximum modulation frequency, since
for high ﬂow speeds the modulation response changes only at
higher frequencies. The axial resolution was likely very limited,
whereas the lateral resolution was probably determined by the size
of the heating beam. As with photoconversion, deep ﬂow
measurements with this technique are likely very challenging
because optical scattering changes the size of the heating beam.
Wang et al. proposed to use ultrasound to heat the ﬂowing
medium [80] to solve the optical scattering issues with the above
methods. They heated during a period of 300 ms, causing a 4 to 7 8C
temperature increase, and measured the decrease in photoacoustic
amplitude as the heated section travelled out of the ultrasound
detection area. They found this decrease could be approximated
by:
P tð Þ ¼ c1 þ c2elt
with c1 and c2 constants and l ¼ l v flow
 
a ﬂow-dependent decay
constant. They implemented the method on an AR-PAM system to
quantify bovine blood ﬂowing through tubing under 1.5 mm
chicken breast. After calibration they could measure ﬂow speeds
from 2.97 mm/s up to 41 mm/s.
Wang et al., in a separate paper, showed ultrasound-heating-
based PA ﬂowmetry using a tomography setup [81]. Instead of
monitoring at a single point the photoacoustic response after
heating, they used the tomography setup to reconstruct a 2D image
of the tubing, in which they could track the movement of the
heated spot (see Fig. 13). The setup was based on a HIFU
transducer, which heated the medium with a 7.5 MHz waveform,
which was modulated with a 0.0625 Hz sine to generate the
heating in cycles. The amount heated was approximately 1 8C. The
velocity could then be calculated from the rate at which the
heating travels along the vessel at a certain radial position. This
technique has some parallels with arterial spin labelling from MRI
[15], although the spin labelling is used for perfusion imaging, and
not for estimation of ﬂow velocities because it allows longer
labelling times but not a very rapid imaging rate.Figure 14
Wang et al. measured blood ﬂow in tubing–without scattering–
with velocities from 0.24 mm/s to 11.8 mm/s and a RMSE of 2.7%.
They also showed a measurement under a 5 mm thick chicken
breast layer with a single ﬂow velocity, which they measured at
1.6  0.2 mm/s. To achieve this they averaged over additional heating
cycles (35 instead of 7).
Wang et al.’s minimum measureable velocity was determined
by whether the ﬂow was fast enough to ensure that the heated
region was not yet smoothed by thermal conduction, and that the
heated part would not be visible above the noise level. Their
maximum measureable ﬂow velocity was determined by the size
of the ﬁeld of view and the 2D imaging rate, since the heated spot
needs to be within the ﬁeld of view in at least a few images.
An advantage of this technique is its capability of imaging blood
ﬂow at diffuse optical depths, which is made possible due to the
use of ultrasound instead of light for heating. Therefore, the
maximum imaging depth will likely depend only on the SNR of the
base photoacoustic response and on the acoustic attenuation by
tissue of the HIFU cycles. The resolution in this case was likely
optimal along the transducer axis and across the ﬂow proﬁle,
however, along the ﬂow direction it was limited by the distance the
heated region was required to move.
Zhang et al. also applied this technique, but with optical CW
heating instead of HIFU [82]. They implemented the technique on
an OR-PAM system and scanned the microscope for 2D imaging
instead of relying on a tomography system. Their analysis is
identical to that of Wang et al. [81]. They could measure
comparable in-vitro velocities (0.23 to 11 mm/s with a RMSE
P.J. van den Berg et al. / Photoacoustics 3 (2015) 89–9998of 2%). Finally, they also successfully applied their technique to
blood ﬂow in a mouse ear.
2.5. Discussion and conclusion
In this review we investigated all the approaches that have been
developed for photoacoustic blood ﬂow imaging. Table 1 gives an
overview of the key elements of each method. Our overview shows
that photoacoustic ﬂow imaging can overcome limitations of other
modalities such as ultrasound and optical techniques. Photo-
acoustics allows a direct translation of ﬂow imaging techniques
from ultrasound pulse-echo, like the time-domain cross-correla-
tion, or bandwidth broadening from OCT. There are also some
similarities between heat encoding in PA and arterial spin labelling
in MRI. But some approaches are unique for photoacoustics, like
the spatial-domain Doppler ﬂow imaging. All in all, a wide range of
ﬂow imaging methods is available, of which many warrant further
investigation.
As described in the above review, not all methods are equally
advanced in its development, and many have been applied only in-
vitro with moderate results. Methods in the most advanced stage of
development are the implementations using PA microscopy,
having often been demonstrated in-vivo such as in a mouse ear
or a chicken embryo. PAM allows high-frequency ultrasound
detection and focussed optical excitation for an optimal SNR and
interrogation of the densely packed red blood cells in blood–
though at the cost of penetration depth.
Acoustic resolution setups also show promise, and a number of
techniques, such as the tomography implemented heat encoding,
have been shown to work under optical-scattering conditions.
Signal tracking methods, such as the time-domain cross-correla-
tion, in theory are also promising for tomography setups, as they
are based only on the use of a pulsed laser. The methods do require
some optimization of detection frequency and bandwidth howev-
er, for it seems that the same principle that makes PAI speckle-free
at 5 MHz, will also smooth density variations in red blood cells.
On the other hand, at higher frequencies it appears PAI might
surpass ultrasound in the visibility of RBCs [47,48].
Up to now, PA ﬂow imaging seems not yet applied clinically or
pre-clinically. Although it will not likely compete with modalities
like MRI or CT, it might ﬁnd applications in areas where US, two-
photon microscopy or OCT ﬂow imaging are active. In the future,
photoacoustic tomography and microscopy may provide ﬂow
imaging capabilities–exploiting its high contrast to haemoglobin–
to applications ranging from rheumatoid arthritis diagnosis, to
burn-wound assessment.
Conﬂict of interest
The authors declare that there are no conﬂicts of interest.
Acknowledgement
This research was funded by the European Community’s
Seventh Framework Programme (FP7/2007-2013) under grant
agreement n8 318067.
References
[1] R.S. Reneman, T. Arts, A.P.G. Hoeks, Wall shear stress - an important
determinant of endothelial cell function and structure - in the arterial system
in vivo, J Vasc Res 43 (3) (2006) 251–269.
[2] M. Kadbi, M.J. Negahdar, J.W. Cha, M. Traughber, P. Martin, M.F. Stoddard,
et al., 4D UTE Flow: A Phase-Contrast MRI Technique for Assessment and
Visualization of Stenotic Flows, Magn Reson Med 73 (3) (2015) 939–950.
[3] D.N. Ku, Blood ﬂow in arteries, Annu Rev Fluid Mech 29 (1997) 399–434.
[4] J. Folkman, Angiogenesis in Cancer, Vascular, Rheumatoid and Other Disease,
Nat Med 1 (1) (1995) 27–31.[5] D. Hanahan, R.A. Weinberg, Hallmarks of Cancer: The Next Generation, Cell
144 (5) (2011) 646–674.
[6] E. Choy, Understanding the dynamics: pathways involved in the pathogenesis
of rheumatoid arthritis, Rheumatology 51 (2012) V3–V11.
[7] P. Vaupel, F. Kallinowski, P. Okunieff, Blood-Flow, Oxygen and Nutrient Supply,
and Metabolic Microenvironment of Human-Tumors - a Review, Cancer Res 49
(23) (1989) 6449–6465.
[8] A.D. Jaskille, J.W. Shupp, M.H. Jordan, J.C. Jeng, Critical Review of Burn Depth
Assessment Techniques: Part I, Historical Review. J Burn Care Res 30 (6)
(2009) 937–947.
[9] U. Dirnagl, C. Iadecola, M.A. Moskowitz, Pathobiology of ischaemic stroke: an
integrated view, Trends Neurosci 22 (9) (1999) 391–397.
[10] J.D. Briers, Laser Doppler, speckle and related techniques for blood perfusion
mapping and imaging, Physiol Meas 22 (4) (2001) R35–R66.
[11] P.V. Pandharipande, G.A. Krinsky, H. Rusinek, V.S. Lee, Perfusion imaging of the
liver: Current challenges and future goals, Radiology 234 (3) (2005) 661–673.
[12] T. Barrett, M. Brechbiel, M. Bernardo, P.L. Choyke, MRI of tumor angiogenesis, J
Magn Reson Imaging 26 (2) (2007) 235–249.
[13] P.D. Gatehouse, J. Keegan, L.A. Crowe, S. Masood, R.H. Mohiaddin, K.F. Kreitner,
et al., Applications of phase-contrast ﬂow and velocity imaging in
cardiovascular MRI, Eur Radiol 15 (10) (2005) 2172–2184.
[14] M. Markl, A. Frydrychowicz, S. Kozerke, M. Hope, O. Wieben, 4D ﬂow MRI, J
Magn Reson Imaging 36 (5) (2012) 1015–1036.
[15] J.A. Detre, J.J. Wang, Z. Wang, H.Y. Rao, Arterial spin-labeled perfusion MRI
in basic and clinical neuroscience, Curr Opin Neurol 22 (4) (2009) 348–
355.
[16] A.R. Padhani, Dynamic contrast-enhanced MRI in clinical oncology: Current
status and future directions, J Magn Reson Imaging 16 (4) (2002) 407–422.
[17] G.P. Schmidt, M.F. Reiser, A. Baur-Melnyk, Whole-body MRI for the staging
and follow-up of patients with metastasis, Eur J Radiol 70 (3) (2009) 393–400.
[18] M. Notohamiprodjo, M.F. Reiser, S.P. Sourbron, Diffusion and perfusion of the
kidney, Eur J Radiol 76 (3) (2010) 337–347.
[19] C.S. Kidwell, A.W. Hsia, Imaging of the brain and cerebral vasculature in
patients with suspected stroke: Advantages and disadvantages of CT and MRI,
Curr Neurol Neurosci 6 (1) (2006) 9–16.
[20] W. van Elmpt, M. Das, M. Hullner, H. Shariﬁ, C.M.L. Zegers, B. Reymen, et al.,
Characterization of tumor heterogeneity using dynamic contrast enhanced CT
and FDG-PET in non-small cell lung cancer, Radiother Oncol 109 (1) (2013)
65–70.
[21] M.P. Spencer, J.M. Reid, Quantitation of Carotid Stenosis with Continuous-
Wave (C-W) Doppler Ultrasound, Stroke 10 (3) (1979) 326–330.
[22] T. Loupas, J.T. Powers, R.W. Gill, An Axial Velocity Estimator for Ultrasound
Blood-Flow Imaging, Based on a Full Evaluation of the Doppler Equation by
Means of a 2-Dimensional Autocorrelation Approach, Ieee T Ultrason Ferr 42
(4) (1995) 672–688.
[23] A. Swillens, P. Segers, H. Torp, L. Lovstakken, Two-Dimensional Blood Velocity
Estimation With Ultrasound: Speckle Tracking Versus Crossed-Beam Vector
Doppler Based on Flow Simulations in a Carotid Bifurcation Model, Ieee T
Ultrason Ferr 57 (2) (2010) 327–339.
[24] C. Greis, Ultrasound contrast agents as markers of vascularity and
microcirculation, Clin Hemorheol Micro 43 (1–2) (2009) 1–9.
[25] F.S. Foster, C.J. Pavlin, K.A. Harasiewicz, D.A. Christopher, D.H. Turnbull,
Advances in ultrasound biomicroscopy, Ultrasound Med Biol 26 (1) (2000) 1–
27.
[26] K.W. Ferrara, C.R.B. Merritt, P.N. Burns, F.S. Foster, R.F. Mattrey, S.A. Wickline,
Evaluation of tumor angiogenesis with US: Imaging, Doppler, and contrast
agents, Acad Radiol 7 (10) (2000) 824–839.
[27] S.K. Alam, K.J. Parker, Implementation issues in ultrasonic ﬂow imaging,
Ultrasound Med Biol 29 (4) (2003) 517–528.
[28] M. Draijer, E. Hondebrink, T. van Leeuwen, W. Steenbergen, Review of laser
speckle contrast techniques for visualizing tissue perfusion, Laser Med Sci 24
(4) (2009) 639–651.
[29] N. Hecht, J. Woitzik, J.P. Dreier, P. Vajkoczy, Intraoperative monitoring of
cerebral blood ﬂow by laser speckle contrast analysis, Neurosurg Focus 27 (4)
(2009).
[30] S.C. Sandker, E. Hondebrink, J.G. Grandjean, W. Steenbergen, Laser speckle
contrast analysis for quantifying the Allen test: A feasibility study, Laser Surg
Med 46 (3) (2014) 186–192.
[31] A.B. Parthasarathy, W.J. Tom, A. Gopal, X.J. Zhang, A.K. Dunn, Robust ﬂow
measurement with multi-exposure speckle imaging, Opt Express 16 (3) (2008)
1975–1989.
[32] W. Groner, J.W. Winkelman, A.G. Harris, C. Ince, G.J. Bouma, K. Messmer, et al.,
Orthogonal polarization spectral imaging: A new method for study of the
microcirculation, Nat Med 5 (10) (1999) 1209–1213.
[33] R.A. Leitgeb, R.M. Werkmeister, C. Blatter, L. Schmetterer, Doppler Optical
Coherence Tomography, Prog Retin Eye Res 41 (2014) 26–43.
[34] G.J. Liu, A.J. Lin, B.J. Tromberg, Z.P. Chen, A comparison of Doppler optical
coherence tomography methods, Biomed Opt Express 3 (10) (2012) 2669–
2680.
[35] H.W. Ren, X.D. Li, Clutter rejection ﬁlters for optical Doppler tomography, Opt
Express 14 (13) (2006) 6103–6112.
[36] A. Villringer, A. Them, U. Lindauer, K. Einhaupl, U. Dirnagl, Capillary Perfusion
of the Rat-Brain Cortex - an in-Vivo Confocal Microscopy Study, Circ Res 75
(1) (1994) 55–62.
[37] D. Kleinfeld, P.P. Mitra, F. Helmchen, W. Denk, Fluctuations and stimulus-
induced changes in blood ﬂow observed in individual capillaries in layers
P.J. van den Berg et al. / Photoacoustics 3 (2015) 89–99 992 through 4 of rat neocortex, P Natl Acad Sci USA 95 (26) (1998) 15741–
15746.
[38] A. Devor, S. Sakadzic, V.J. Srinivasan, M.A. Yaseen, K. Nizar, P.A. Saisan, et al.,
Frontiers in optical imaging of cerebral blood ﬂow and metabolism, Journal of
cerebral blood ﬂow and metabolism: ofﬁcial journal of the International
Society of Cerebral Blood Flow and Metabolism 32 (7) (2012) 1259–1276.
[39] P. Beard, Biomedical photoacoustic imaging, Interface focus 1 (4) (2011) 602–
631.
[40] K. Jansen, M. Wu, A.F. van der Steen, G. van Soest, Lipid detection in
atherosclerotic human coronaries by spectroscopic intravascular photoacoustic
imaging, Opt Express 21 (18) (2013) 21472–21484.
[41] J. Glatz, N.C. Deliolanis, A. Buehler, D. Razansky, V. Ntziachristos, Blind source
unmixing in multi-spectral optoacoustic tomography, Opt Express 19 (4)
(2011).
[42] R.O. Esenaliev, I.V. Larina, K.V. Larin, D.J. Deyo, M. Motamedi, D.S. Prough,
Optoacoustic technique for noninvasive monitoring of blood oxygenation: a
feasibility study, Appl Optics 41 (22) (2002) 4722–4731.
[43] S. Gottschalk, T.F. Fehm, X.L. Dean-Ben, D. Razansky, Noninvasive real-time
visualization of multiple cerebral hemodynamic parameters in whole mouse
brains using ﬁve-dimensional optoacoustic tomography, J Cerebr Blood F Met
35 (4) (2015) 531–535.
[44] K. Daoudi, P.J. Van Den Berg, O. Rabot, A. Kohl, S. Tisserand, P. Brands, et al.,
Handheld probe integrating laser diode and ultrasound transducer array for
ultrasound/photoacoustic dual modality imaging, Opt. Express 22 (21) (2014)
26365–26374.
[45] L.H.V. Wang, S. Hu, Photoacoustic Tomography: In Vivo Imaging from
Organelles to Organs, Science 335 (6075) (2012) 1458–1462.
[46] E.M. Strohm, E.S. Berndl, M.C. Kolios, Probing red blood cell morphology using
high-frequency photoacoustics, Biophysical journal 105 (1) (2013) 59–67.
[47] Z.J. Guo, L. Li, L.H.V. Wang, On the speckle-free nature of photoacoustic
tomography, Med Phys 36 (9) (2009) 4084–4088.
[48] Z.J. Guo, Z. Xu, L.H.V. Wang, Dependence of photoacoustic speckles on
boundary roughness, J Biomed Opt 17 (4) (2012).
[49] C.B. Burckhardt, Speckle in Ultrasound B-Mode Scans, Ieee T Son Ultrason 25
(1) (1978) 1–6.
[50] Y.J. Yu, S.T. Acton, Speckle reducing anisotropic diffusion, Ieee T Image Process
11 (11) (2002) 1260–1270.
[51] J.M. Schmitt, S.H. Xiang, K.M. Yung, Speckle in optical coherence tomography, J
Biomed Opt 4 (1) (1999) 95–105.
[52] H. Fang, K. Maslov, L. Wang, Photoacoustic Doppler Effect from Flowing Small
Light-Absorbing Particles, Phys. Rev. Lett. 99 (18) (2007) 184501.
[53] H. Fang, K. Maslov, L.V. Wang, Photoacoustic Doppler ﬂow measurement in
optically scattering media, Applied Physics Letters 91 (26) (2007) 264103.
[54] A. Sheinfeld, S. Gilead, A. Eyal, Simultaneous spatial and spectral mapping of
ﬂow using photoacoustic Doppler measurement, J Biomed Opt 15 (6) (2010).
[55] A. Sheinfeld, S. Gilead, A. Eyal, Photoacoustic Doppler measurement of ﬂow
using tone burst excitation, Opt Express 18 (5) (2010) 4212–4221.
[56] R. Zhang, J. Yao, K.I. Maslov, L.V. Wang, Structured-illumination photoacoustic
Doppler ﬂowmetry of axial ﬂow in homogeneous scattering media, Appl Phys
Lett 103 (9) (2013) 94101.
[57] J.J. Yao, R.C. Gilson, K.I. Maslov, L.D. Wang, L.H.V. Wang, Calibration-free
structured-illumination photoacoustic ﬂowgraphy of transverse ﬂow in
scattering media, J Biomed Opt 19 (4) (2014).
[58] J. Brunker, P. Beard, Pulsed photoacoustic Doppler ﬂowmetry using time-
domain cross-correlation: accuracy, resolution and scalability, J. Acoust. Soc.
Am. 132 (3) (2012) 1780–1791.
[59] J. Brunker, P. Beard, Acoustic resolution photoacoustic Doppler ﬂowmetry:
practical considerations for obtaining accurate measurements of blood ﬂow,
Proc. of SPIE 8943 (2014) 89431K.
[60] W.F. Walker, G.E. Trahey, A Fundamental Limit on Delay Estimation Using
Partially Correlated Speckle Signals, Ieee T Ultrason Ferr 42 (2) (1995) 301–
308.
[61] J.J. Yao, K.I. Maslov, L.H.V. Wang, In vivo Photoacoustic Tomography of Total
Blood Flow and Potential Imaging of Cancer Angiogenesis and
Hypermetabolism, Technol Cancer Res T 11 (4) (2012) 301–307.
[62] W. Song, W. Liu, H.F. Zhang, Laser-scanning Doppler photoacoustic microscopy
based on temporal correlation, Applied Physics Letters 102 (20) (2013).
[63] J.Y. Liang, Y. Zhou, K.I. Maslov, L.H.V. Wang, Cross-correlation-based transverse
ﬂow measurements using optical resolution photoacoustic microscopy with a
digital micromirror device, J Biomed Opt 18 (9) (2013).
[64] Y. Zhou, J.Y. Liang, K.I. Maslov, L.H.V. Wang, Calibration-free in vivo transverse
blood ﬂowmetry based on cross correlation of slow time proﬁles from
photoacoustic microscopy, Opt Lett 38 (19) (2013) 3882–3885.
[65] L.D. Wang, K. Maslov, L.H.V. Wang, Single-cell label-free photoacoustic
ﬂowoxigraphy in vivo, P Natl Acad Sci USA 110 (15) (2013) 5759–5764.
[66] J.J. Yao, L.D. Wang, J.M. Yang, K.I. Maslov, T.T.W. Wong, L. Li, et al., High-speed
label-free functional photoacoustic microscopy of mouse brain in action, Nat
Methods 12 (5) (2015) 407-+.
[67] H. Fang, L.H.V. Wang, M-mode photoacoustic particle ﬂow imaging, Opt Lett
34 (5) (2009) 671–673.
[68] M. Sarimollaoglu, D.A. Nedosekin, Y. Simanovsky, E.I. Galanzha, V.P. Zharov, In
vivo photoacoustic time-of-ﬂight velocity measurement of single cells and
nanoparticles, Opt Lett 36 (20) (2011) 4086–4088.[69] S.L. Chen, T. Ling, S.W. Huang, H.W. Baac, L.J. Guo, Photoacoustic correlation
spectroscopy and its application to low-speed ﬂow measurement, Opt Lett 35
(8) (2010) 1200–1202.
[70] S.L. Chen, Z.X. Xie, P.L. Carson, X.D. Wang, L.J. Guo, In vivo ﬂow speed
measurement of capillaries by photoacoustic correlation spectroscopy, Opt
Lett 36 (20) (2011) 4017–4019.
[71] J. Yao, K.I. Maslov, Y. Shi, L.A. Taber, L.V. Wang, In vivo photoacoustic imaging
of transverse blood ﬂow by using Doppler broadening of bandwidth, Opt. Lett.
35 (9) (2010).
[72] J. Yao, L.V. Wang, Transverse ﬂow imaging based on photoacoustic Doppler
bandwidth broadening, J Biomed Opt 15 (2) (2010) 021304.
[73] H.W. Ren, K.M. Brecke, Z.H. Ding, Y.H. Zhao, J.S. Nelson, Z.P. Chen, Imaging and
quantifying transverse ﬂow velocity with the Doppler bandwidth in a phase-
resolved functional optical coherence tomography, Opt Lett 27 (6) (2002) 409–
411.
[74] B. Ning, M.J. Kennedy, A.J. Dixon, N.D. Sun, R. Cao, B.T. Soetikno, et al.,
Simultaneous photoacoustic microscopy of microvascular anatomy, oxygen
saturation, and blood ﬂow, Opt Lett 40 (6) (2015) 910–913.
[75] J.W. Tay, J.Y. Liang, L.V. Wang, Amplitude-masked photoacoustic wavefront
shaping and application in ﬂowmetry, Opt Lett 39 (19) (2014) 5499–5502.
[76] P.C. Li, S.W. Huang, C.W. Wei, Y.C. Chiou, C.D. Chen, C.R.C. Wang,
Photoacoustic ﬂow measurements by use of laser-induced shape transitions of
gold nanorods, Opt Lett 30 (24) (2005) 3341–3343.
[77] C.W. Wei, S.W. Huang, C.R.C. Wang, P.C. Li, Photoacoustic ﬂow measurements
based on wash-in analysis of gold nanorods. IEEE Transactions on Ultrasonics,
Ferroelectrics, and Frequency Control 54 (6) (2007) 1131–1141.
[78] C.K. Liao, S.W. Huang, C.W. Wei, P.C. Li, Nanorod-based ﬂow estimation using
a high-frame-rate photoacoustic imaging system, J Biomed Opt 12 (6) (2007).
[79] A. Sheinfeld, A. Eyal, Photoacoustic thermal diffusion ﬂowmetry, Biomed Opt
Express 3 (4) (2012) 800–813.
[80] L.D. Wang, J.J. Yao, K.I. Maslov, W.X. Xing, L.H.V. Wang, Ultrasound-heated
photoacoustic ﬂowmetry, J Biomed Opt 18 (11) (2013).
[81] L. Wang, J. Xia, J. Yao, K.I. Maslov, L.V. Wang, Ultrasonically Encoded
Photoacoustic Flowgraphy in Biological Tissue, Physical Review Letters 111
(20) (2013) 204301.
[82] R.Y. Zhang, L.D. Wang, J.J. Yao, C.H. Yeh, L.H.V. Wang, In vivo optically encoded
photoacoustic ﬂowgraphy, Opt Lett 39 (13) (2014) 3814–3817.
Pim van den Berg is a PhD researcher at the University
of Twente, the Netherlands. He is working on the
European project Fullphase, which aims to develop an
affordable and portable ultrasound/photoacoustic (US/
PA) system for early disease detection. His main
research interests are ﬂow imaging using photoacous-
tics and the application of US/PA imaging for the
assessment of rheumatoid arthritis. Before starting his
PhD, Pim did his master studies on Optics and
Biophysics, building a STORM super resolution micro-
scope and used it for characterization of protein
aggregation in Parkinson’s disease. Interests also
include high school science promotion, having partici-
pated in a media push around photoacoustic imaging for the popularization of
applied sciences.
Khalid Daoudi received his PhD degree in Applied
Optics from university Pierre et Marie Curie, Paris,
France for his work on transient opto-elastography. He
is currently working as Postdoctoral researcher at the
Institute for Biomedical Technology and Technical
Medicine, BMPI group, university of Twente in
Netherlands. His research focuses on optical and hybrid
acoustical and optical imaging methods: photoacous-
tics, acousto-optics, light tissue interaction and ultra-
sound.
Wiendelt Steenbergen obtained a master degree in
aerospace engineering at the University of Technology
in Delft. In 1995 he obtained a PhD degree in ﬂuid
dynamics at the Eindhoven University of Technology. In
1995 he joined the University of Twente, Enschede (the
Netherlands) as a postdoc. In 2000 he was appointed
assistant professor in biomedical optics in 2000 and
broadened his scope to low coherence interferometry
and photoacoustic and acousto- optic imaging. In 2007-
2008 he was visiting researcher in the Kroto Institute of
the University of Shefﬁeld. In 2008 he was appointed
associate professor, and in 2010 he became full
professor and group leader of the newly formed
Biomedical Photonic Imaging group of the University
of Twente.
